Introduction

Motivation
Lung acoustic properties may be altered by various disease or injury states including fibrosis, congestion, consolidation, neoplasm, trauma, and pneumothorax (PTX). These conditions often lead to structural and functional changes of the pulmonary system and measurable variations in sound transmission detectable over the chest surface during auscultation. The presence of air within the lungs limits the utility of some imaging modalities. For example, ultrasound has limited utility in imaging lung structures due to the acoustic impedance mismatch between the soft tissue and air within the lungs. Conventional magnetic resonance imaging (MRI) suffers from poor signal-to-noise ratio (SNR) due to the lack of hydrogen found in air as compared to water. X-ray computed tomography (CT) provides limited contrast for soft biological tissues and also introduces potentially harmful ionizing radiation. Due to these limitations, a preliminary study that utilizes noninvasive measurement of external mechanical wave motion (sound and vibration) for lung injuries was performed in dog and porcine subjects [30, 40] . The study suggested that this method may provide information about lung mechanical property changes, which may have diagnostic value.
Many animal studies have been previously conducted to investigate different aspects of sound transmission in the torso [11, 22, 30, 42, 52 ]. In the current study, porcine subjects were used due to the similarity of their torso to humans as compared to other options. A three-dimensional Abstract Many pulmonary injuries and pathologies may lead to structural and functional changes in the lungs resulting in measurable sound transmission changes on the chest surface. Additionally, noninvasive imaging of externally driven mechanical wave motion in the chest (e.g., using magnetic resonance elastography) can provide information about lung structural property changes and, hence, may be of diagnostic value. In the present study, a comprehensive computational simulation (in silico) model was developed to simulate sound wave propagation in the airways, lung, and chest wall under normal and pneumothorax conditions. Experiments were carried out to validate the model. Here, sound waves with frequency content from 50 to 700 Hz were introduced into airways of five porcine subjects via an endotracheal tube, and transmitted waves were measured by scanning laser Doppler vibrometry at the chest wall surface. The computational model predictions of decreased sound transmission with pneumothorax were consistent with experimental measurements. The in silico model can also be used to visualize wave propagation inside and on the chest wall surface for other pulmonary pathologies, which may help in developing and interpreting diagnostic procedures that utilize sound and vibration.
(3D) model was developed and compared with experimental findings in the control and pneumothorax states. The ability to build realistic 3D models has been useful for various biomechanical and physiological simulations, including mechanics [36, 41, 35] , electromagnetics [48] , and pathology [38] . However, challenges still exist especially in having accurate biological material property data for the computational models and validating the models for more general applications. An experimentally validated acoustic computational model could aid in enhancing our understanding of sound transmission in the chest. Recently, a diagnostic technique for measuring tissue stiffness based on MRI imaging known as magnetic resonance elastography (MRE) has been applied to the lungs in pilot studies with some success [15, 32] . This technique is able to provide a map of the viscoelastic properties within the region of interest (ROI) [46] . These maps may correlate with injuries, the progression of diseases, and/or the response to therapy. Validated computational models would help predict transmission patterns of the mechanical waves used in MRE, which may help interpret and understand MRE images.
Measurements of sound transmission in lung and thorax
Mechanical compression waves (sound) travel in the lung parenchyma significantly more slowly than in the air and soft tissue of which it is comprised. Sound speeds in the human lung [2, 23, 24, 28, 31, 37] and animal lung [21, 22, 42, 60] have been studied. In human studies, sound was usually introduced into the mouth. In animal studies, sound was usually applied and measured at the lung surface. All these animal studies concluded that the sound speed depended on the lung volume, which is known to change throughout the respiratory cycle. That volume change leads to an alteration of lung density and air volume fraction, which affect the sound speed. This is consistent with theoretical models [42] .
To measure the response of the thorax to acoustic excitation with known spectral content, a number of investigations have focused on studying the transmission of sound that was introduced at the mouth and detected on the chest surface. In this manner, the static and even dynamic properties of the system can be measured and compared with the computational models. Chest surface responses relative to a reference measurement over the extrathoracic trachea have been used to determine the amplitude and phase delay of transmission. The frequency-dependent decrease in amplitude agrees with models of the thorax that account for parenchymal losses [56, 58] . A strong spatial dependence of sound transmission from the mouth to the chest wall was reported by Kraman et al. [23] [24] [25] , and later confirmed by Wodicka et al. [59] and Pasterkamp et al. [39] . They found that the amplitude at low frequencies at sites overlying the right lung was significantly greater than that measured at corresponding locations over the left lung.
Changes in lung structure that occur in disease affect the amplitude and timing of sound transmission from the airways to the chest surface. In patients with emphysema [5] and in dogs with pneumothorax [30] , a decrease in transmitted amplitude at low frequencies was observed [31] , which is qualitatively consistent with the common auscultatory finding of decreased lung sound intensity. In contrast, cardiogenic pulmonary edema was found to increase the amplitude of sound transmitted to the chest wall in dogs in a linear fashion over a wide frequency range relative to postmortem wet-to-dry weight ratios (a measure of the water content of the lungs) [11] , a finding consistent with that of bronchial breathing heard over consolidated lung.
Poroviscoelastic modeling of lung
In 1956, Biot developed a theory [3, 4] for the stress wave propagation in a porous elastic solid containing compressible viscous fluid, which predicts the existence of two types of compression waves in fluid-saturated porous media. This theory has been extended to poroviscoelastic media and used in several studies for poroelastic and poroviscoelastic modeling of soft tissues. Mow et al. [33] first applied the biphasic theory to the articular cartilage which is a biphasic material composed of the solid matrix and interstitial fluid. Simon et al. [50, 51] extended the poroelastic model to include transport and swelling in the tissue. Currently, there have been limited studies on poroviscoelasticity modeling of lung acoustics. Siklosi et al. [49] used the theory to model the lung parenchyma as a porous solid with air-filled pores. Dai et al. [8] compared the Biot theory with the "effective medium" theory for modeling sound transmission in the lung parenchyma. In that study, measurements of compression wave speed and attenuation in freshly excised pig lungs matched theoretical predictions of Biot theory significantly better than effective medium theory predictions. Hence, the current study has adopted the Biot theory approach.
Chest wall material properties
To quantify material properties of soft biological tissue in the human body, Van Loocke et al. [54] and Wang et al. [57] conducted experiments by using stress relaxation technique to investigate the mechanical properties of passive skeletal muscle of animals. Von Gierke et al. [55] carried out experiments on the human thigh and upper arm, in which the skin surface was excited by a vibrating piston with different frequencies, and propagation of surface waves was measured using stroboscopy. The soft tissue in many previous studies was considered a viscoelastic medium [10, 16] , and the viscous and elastic material parameter values were estimated based on experimental measurements. On the other hand, Garner et al. [14] studied human bone viscoelastic properties over a wide range of frequencies. Experiments were conducted by using torsional and bending methods, which were previously used by Lakes et al. [26] on human dry and wet compact bone to investigate their material properties, especially Young's modulus and shear modulus. According to these studies, the bone material properties were found to be frequency dependent due to bone viscoelasticity.
Objectives of this study
The main objective of this study is to develop and experimentally validate a comprehensive computational acoustic model that simulates sound propagation in the airways, lungs, and chest wall, and how propagation is changed under the pathological condition of pneumothorax (PTX). Experimental measurements and methods of generating a 3D computational model are described in Sect. 2. The parenchymal tissue is modeled as a poroviscoelastic material based on Biot theory. A finite element (FE) model of the pig chest that includes the underlying organ details is constructed and used in the FE software package to simulate the vibroacoustic response of the chest surface caused by the sound input at the trachea. In Sect. 3 the results from the FE simulation are compared with experimental measurements for cases of normal and PTX states. A discussion of the results is provided in Sect. 4, followed by conclusions in Sect. 5.
Materials and methods
Section 2.1 describes experimental acoustic studies conducted on porcine subjects, which serve to experimentally validate the developed computer simulation model. Section 2.2 describes experiments to identify some of the material properties needed for the computer model, which were not already available from other studies. In Sect. 
Experimental porcine studies
Experiments were conducted on five freshly killed female Landrace and Yorkshire cross pig subjects (weight 30-35 kg) after getting approval of the institutional animal care and use committee (IACUC). The experimental setup is shown in Fig. 1a . Immediately after the pig was euthanized, it was secured in the left lateral decubitus position (right-side-up) with the skin hair of the measurement area shaved completely. In addition, the pig lungs were kept inflated with air at an airway pressure of 5 cm H 2 O through an endotracheal tube. The lungs are located roughly between the first and tenth rib. During the experiment, the airway pressure was adjusted to 20 cm H 2 O to help fully open the airways inside the lung. A laser Doppler vibrometer (LDV) (PDV-100, Polytec, Irvine, CA) was used to measure the normal velocity of the skin surface at 16 evenly spaced points in an array located in the area from the fifth rib to the ninth rib (Fig. 1b) . In order to enhance the laser reflectivity for improved signal-to-noise ratio, P-RETRO-250 glass beads (45-63 µm dia., Polytec, Irvine, CA) were applied to the skin surface. A broad-band periodic chirp signal with spectral content from 50 to 800 Hz was generated from a dynamic signal analyzer (SignalCalc ACE, Data Physics, San Jose, CA) and sent to an amplifier (P 3500S, Yamaha, Buena Park, CA) to drive a 3.5 inch acoustic speaker (PDWR30 W, PylePro, Brooklyn, NY). The sound wave generated from the speaker was sent into the pig lung through the endotracheal tube. As the sound pressure generated by the speaker is frequency dependent, a 1/4-inch microphone (378C01, PCB Piezotronics, Depew, NY) was inserted into a drill hole in the proximal endotracheal tube. This measured acoustic pressure was used for the FE simulation as the acoustic pressure input described in Sect. 2.3.
The above measurements were performed for the normal and pneumothorax (PTX) states for each animal. The PTX state was purposefully created by making a small incision in the seventh intercostal space in the right mid-clavicular line, which allowed air to enter into the plural space. The airway pressure was set to "0" in the PTX state to allow for full lung collapse. A 5-mm thoracoscopic trocar (Endopath Dilating Tip, model 355, Ethicon, Cincinnati, OH) was inserted into the chest, and an endoscope was used to visually confirm the PTX state.
Material property measurement of pig muscle tissue
To get the compression wave speed and attenuation of porcine muscle tissue in our frequency range of interest, an experiment was implemented on a piece of pig muscle tissue obtained from the posterior chest of another Landrace and Yorkshire cross pig that had similar size and weight to the pigs in Sect. 2.1. The schematic diagram of the experimental setup is shown in Fig. 2 . A sinusoidal chirp signal containing frequencies from 50 to 4000 Hz was generated from a dynamic signal analyzer (SignalCalc ACE, Data Physics, San Jose, CA) and was sent into a power amplifier (P 3500S, Yamaha, Buena Park, CA) that was connected to an electromagnetic shaker (ET-132, Lab-Works Inc., Mesa Costa, CA). An impedance head (288D01, PCB Piezotronics, Depew, NY) was mounted on the shaker and was placed in contact with the muscle tissue to measure the input acceleration signal to the tissue sample. In the testing experiment, it showed that with the same fixtures and rectangular size, compression wave speed on tissue samples with thickness ranging from 3 to 6 cm was consistent. The sample thickness was L = 5.8 cm and contact area with the input from the shaker was circular with a diameter of 2 cm. The out-of-plane velocity on the other side of sample was measured by a laser Doppler vibrometer (LDV) (PDV-100, Polytec, Irvine, CA). The acceleration and velocity measurements were recorded by the same signal analyzer with a sampling frequency of 102.4 kHz, and data were stored in a laptop computer. The input acceleration signal measured by the impedance head was denoted by x(t). The output acceleration signal y(t) was the derivative (with respect to time) of the velocity measured by the LDV. Consequently, the compression wave speed can be calculated from the phase angle θ xy of the cross-spectral transfer function between x(t) and y(t). The transit time τ can be calculated from the slope of the θ xy frequency curve by
For a linear viscoelastic material, the complex-valued compression wave number k p is given by
Here, c p is the complex-valued compression wave speed and ω is the angular frequency. The real part of the compression wave number k pR is related to the phase speed c ph (calculated by dividing the thickness L by the transit time τ) [9] by
The attenuation of the compression wave is governed by the imaginary part of the wave number k pI [9] . To estimate the attenuation of the compression wave in the tissue, a continuous sinusoidal input with a single frequency was used. That signal was generated from the dynamic signal analyzer, sent to the amplifier, and delivered into the sample by the shaker. The input acceleration a 1 was measured by the impedance head, and the output acceleration a 2 was derived from the velocity measured by the LDV. The experiment was repeated for different frequencies from 50 to 1000 Hz. Assuming planar compression waves, the input and output accelerations (a 1 and a 2 , respectively) can be expressed by:
Here, A 0 is the amplitude of acceleration. Then After evaluating k pR and k pI , the complex compression wave speed is determined from Eq. (2a). Experimentally determined values of these material properties will be used in the following sections.
Computational simulations
Three-dimensional geometry model construction
To generate the 3D porcine geometries for computational studies, comprehensive geometrical details of the torso structures were constructed from CT images obtained from scans with 1-mm slice steps and pixel matrix size 512 × 512 (Brilliance 64, Philips Electronics). The pig used for scanning was similar in size (weighted 34 kg) to those studied in the acoustic experiments described in Sect. 2.1. CT image sets were imported and processed using Mimics V14 (Materialise, Plymouth, MI), which is a biomedical image processing software for the segmentation of 3D models. Different density of the contrast regions (lungs, bone regions, and muscle tissue regions) can be distinguished in the software to assign layers at each slice of the CT images. Then, all of the 2D layers can be combined to create a 3D model for each part. The 3D torso model includes different parts such as ribcage, scapulae, soft tissue (skin, muscle and fat are regarded as soft tissue with same material properties for simiplification) and lungs as shown in Fig. 3a .
To build the 3D model of airways inside the lung, an open-source medical image segmentation software ITK-SNAP version 2.4 [61] was used to construct the geometry of the different chest structures. CT images were imported for automatic segmentation using the snake algorithm in ITK-SNAP. The automatic segmentation was used as a first step in generating the geometry, which can later be improved manually. Due to the contrast resolution quality of the CT image sets, there were twenty airway segments created by the automatic segmentation method; the quality of the segmentation is largely dependent on the quality of the images. Because of the complexity and small size of the distal branches of the airways, these airways were completed manually by marking contrasted regions slice by slice. This was achieved by creating the airway segments with the marker tool in the local contrasted regions. By combining the above automatic and manual approaches, a more intricate airway tree with about 100 segments was constructed.
The main stem bronchi and trachea were the starting point of the snake algorithm and were the first to be automatically segmented. With the completion of all the segmentations, a surface tessellation algorithm was applied by ITK-SNAP for capturing the 3D geometrical data, and these data were exported as a stereolithography (STL) CAD file so that it could be meshed properly in ANSYS ICEM CFD.
Once the airways and trachea geometries were imported to ANSYS ICEM CFD 12.1 (Ansys Inc., Canonsburg, PA), a meshing tool in ANSYS, they were combined with the files containing the geometries of the torso, lungs, ribcage, and scapulae built in Mimics V14. The geometries were checked in ANSYS for mesh quality and intersecting errors. Once the geometry passed that test, it was volume meshed to create a FE model. In addition, the surface of the trachea and mainstem bronchi was extruded in the radial direction to construct the thickness of the airways, creating two volumes for the airways: one for the air and another for the thickness of the mainstem bronchi and trachea walls. To generate a 3D model of PTX, the right lung was reduced by a factor of 71 % in volume which corresponds to a PTX of 95 %; it was fit inside of the original right lung space, while keeping the chest cavity geometry unchanged; the remaining volume inside the chest cavity was assumed to be filled with air. The PTX percentage is defined by the ratio of volume of air which occupies the chest cavity outside the lung and the air volume in normal lungs [42, 58] .
Material properties of lung parenchyma
Sound propagation into the lungs and transmission to the chest surface was modeled in a FE environment COMSOL Multiphysics ® 4.3b (COMSOL Inc, Burlington, MA) using the acoustic-solid interaction module [34] for frequency domain analysis. The entire volume mesh of the relevant parts, such as chest wall, lungs, ribcage, scapulae, and airways mentioned above, was imported into COMSOL for simulation. Acoustic excitation at the inlet of the trachea was applied in the simulation by using the frequencydependent sound pressure measured in the experiment in Sect. 2. In the COMSOL simulation, air regions (within the lumen of the larger explicitly modeled airways and within the air cavity created by a pneumothorax) were set as "pressure acoustics" elements. All other regions-the lung parenchyma, soft/muscle tissue and bone-were set as "linear viscoelastic solid" elements. A free boundary condition was applied on the torso surface, while an "acousticstructure boundary" was applied at the air-tissue interfaces. At these interfaces, there is continuity of normal velocity and pressure as the air is assumed to be inviscid in the simulation. At solid-solid interfaces, such as the airway walllung parenchyma interface, there is continuity of displacement and normal stress.
Material properties of each organ need to be provided to the modeling software before running the simulation. For the lung parenchyma, a recent study [9] demonstrated that the Biot theory of wave propagation in poroviscoelastic media [3, 4] was a more accurate model than the previously used effective medium theory [9] to model sound transmission in the lung parenchyma. The following set of coupled differential equations (written in the frequency domain neglecting initial conditions and denoting a derivative with respect to time as multiplication by jω) [47] can be used to describe the steady-state dynamic oscillatory displacement u of the lung parenchyma and dynamic pressure p of the air in the lung:
Here, μ is the shear modulus of the lung tissue, K b is the bulk modulus of the lung tissue when it is inflated, ρ is the lung parenchyma density, ρ f is the air density, φ is the air volume fraction in the lung, and α, β, and R are the coupling parameters between the lung parenchyma and the air. Based on Eq. (7), the complex shear wave speed is given by
The coupled Eqs. (7) and (8) lead to two compression waves, a fast wave and a slow wave with much larger attenuation. The compression wave speeds are given by
Here, c pf and c ps are the fast and slow compression wave speeds, respectively. Their corresponding wave numbers, k pf and k ps , are derived from Eq. (7). In our frequency range of interest (50-700 Hz), the slow compression wave cannot propagate for noticeable distances as the relative motion between the lung parenchyma and air is impeded by viscous drag [6] . Hence, only the fast compression wave propagation may be detectable in the parenchyma. As the lung parenchyma is viscoelastic, the shear wave speed is frequency dependent. The phase speed and attenuation are expressed in the complex-valued shear wave speed. The compression wave attenuation is mainly due to the friction between the air and the lung parenchyma. The complex-valued fast compression wave speed is given by Eq. (10a). By implementing the above equations, the frequency-dependent compression wave speed and total attenuation of compression wave and shear wave in the lung parenchyma can be calculated. The information is then input into COMSOL as the lung material properties to perform the simulations. The lung compression wave and shear wave speeds are assumed to be the same throughout the parenchymal region (assumption of homogeneity). COMSOL calculates the displacement, velocity, acceleration, stress and strain of the soft tissue, rib cage, cartilage, and lung. It also calculates the acoustic pressure inside the airways and inside the air cavity created by a pneumothorax. The value of φ approximates the average percentage of air volume in a normal lung. The experiment was done on euthanized pigs; hence, φ was constant. Previous studies [42, 58] suggest that the lung air volume fraction φ = 75 % [1] , the lung tissue density ρ p = 1000 kg/m 3 , and the air density in the lung ρ g = 1.21 kg/m 3 . Hence, the composite lung parenchymal density would be given by:
These properties result in a density of the normal lung ρ = 250.9 kg/m 3 . The lung shear modulus was measured . Figure 3a shows the chest structure under normal conditions. When a PTX is introduced in the right chest, the right lung collapses and thus will have a lower air volume fraction depending on the level of collapse. In this case, the chest region in the 3D model that was originally occupied by the right lung was split into two portions, the collapsed parenchymal region and the air outside the lung. For the current simulation, the 3D model was made to create a large PTX state with φ = 11 %. This value of air volume fraction corresponds to a PTX ~= 95 %, which presents the extreme state of PTX similar to that induced in the experiment. The lung compression wave speed, shear wave speed, and attenuation were then calculated using Eq. (10) for this air volume fraction.
Airway acoustics
In this study, the distal airway segments are un-modeled because of the limit of the resolution of the CT image. However, the terminal impedance (ratio of acoustic pressure to particle velocity as a function of frequency) of the terminal segments needs to be calculated to represent the effect of the downstream airways that are un-modeled on the acoustic field in the modeled larger airways. The Horsfield airway model [19, 20] was utilized to perform the impedance calculations. The pig appears to have morphology close to the human airway tree, especially the segments with small diameters. Hence, in these calculations, the structural parameters of the human airway were used to calculate the pig airway terminal acoustic impedance.
Using the fractal asymmetric Horsfield airway scheme, previous studies have developed an acoustic impedance model of the airways that incorporates non-rigid airway wall motion caused by changing acoustic pressure and terminal (alveoli) acoustic impedance [17, 18] . The starting step is to calculate the acoustic impedance at a terminal bronchiole, n = 1, and then "march up" the recursion ladder to n = 2, 3, 4 until reaching n = 35, the trachea [9] . For the nth-order airway segment of length l (n) , the input acoustic impedance Z in (n) [ω] (taken at the end closer to the trachea) is given by
The terms Z 
, n = 1, . . . , 35. respectively, and are given by Royston et al. [45] . The term Z (n)
T [ω] denotes the acoustic impedance at the far end of each segment, which is given by Here, N T denotes the total number of terminal bronchiole segments. For the Horsfield model, this can be calculated using the following recursion formula, taking N (1)
The result is N T ≈ 2.35 million for human lungs. The term C g (0.003 L/cm H 2 O) denotes the alveolar gas compression compliance based on the Dubois et al. [12] To calculate the acoustic impedance of the un-modeled terminal airways, an order number needs to be specified for the terminal segments. The standard deviation of the terminal segment diameter is small such that the terminal segments are regarded as the same and their order number is found by relating their mean diameter to the closest value in Table 9 -2 in Royston et al. [43] . For the normal airways of the current model, the terminal segment mean diameter is 0.1568 cm, which corresponds to the airway order number 14. For the PTX state, the lung is collapsed, and this causes a decrease in the small airway diameters. Assuming the airway segment is a thin-walled elastic tube (airway wall viscosity and inertia do not affect airway segment diameter under steady-state conditions), the relationship between airway radius and transpulmonary pressure is [13] where da (n) is the change of radius of the airway segment with order n and dp is the transpulmonary pressure change. Also
Here a (n) , h (n) , and E (n) are the radius, wall thickness, and Young's modulus of the airway segment with order n, respectively. E (n) is calculated from the airway cartilage Young's modulus E c and airway soft tissue Young's modulus E s by (13)
2 dp
From studies by Suki et al. [52] , E c and E s are taken to be 392 kPa and 58.1 kPa, respectively. Here, c (n) is the cartilage percentage of the airway segment with order number n, and it is listed in Table 9 -2 of Royston et al. [43] . Here, dp decreases by 20 cm H 2 O when going from the normal to the PTX state. Changes in transpulmonary pressure lead to noticeable diameter change for small airway segments that have little to no cartilage content as compared to the main stem bronchi and the larger few branches below the main stem bronchi. From Eq. (15), for airway segments with order number from n = 15 to 27, the segment diameter decreases an average of 32 %, and this is close to but only a bit more than experimental studies on airway diameters under different transpulmonary pressures in dogs [53] . However, as the Young's moduli of the trachea, main stem bronchi, and lobar segments (n = 31-35) are at least 20 times larger than that of the surrounding lung parenchyma [47] , the diameter decrease in these airways is small and is neglected. Finally, the acoustic impedance of the terminal airway segment in the PTX state was calculated for the decreased airway segment diameters. The calculated corresponding terminal impedance is applied to branch ends of the airways as boundary conditions in the simulations. And, the material properties of airways from Royston et al. [43] are used in the FE simulations.
Material properties of muscle tissue and bone
The values of material properties of muscle tissue were based on previous studies [10, 44, 46, 55] . According to those studies, the soft muscle tissue was considered [16] , and the Voigt model was used. The shear modulus can be expressed as:
Here, the subscript "t" denotes the soft tissue, and μ t1 and μ t2 denote shear elasticity and shear viscosity, respectively: µ t1 = 2.5 × 10 3 Pa and µ t2 = 15 Pa S [44, 55] . With the reported soft tissue density of 1100 kg/m 3 , the complex shear wave speed can be calculated by using Eq. 9 in Sect. 2.3. With the compression wave speed and attenuation of muscle tissue measured in the Sect. 2.2, the muscle tissue mechanical properties can be completely defined in the simulation.
The complex young's modulus of the bone can be represented by E = E b1 + j · E b2 with tan δ E = E b2 /E b1 [7, 14] where subscript "b" denotes the bone. The loss tangent tan δ E is frequency dependent and was experimentally measured by Garner et al. [14] . For the current frequency range of interest, the real part of E is taken to be E b1 = 12.7 GPa in the simulation [7] . The complex shear modulus is expressed as μ b = μ b1 + jωμ b2 with tan δ µ = µ b2 /µ b1 . The shear loss tangent tan δ μ was determined from previous experimental measurements [14, 26] , and the real part of shear modulus is µ b1 = 3.15 GPa [7] . Figure 4a shows the phase angle of the cross-spectral transfer function of the accelerations on two sides of the pig muscle. A linear trend between phase angle and frequency can be seen between 600 and 2000 Hz. The estimated phase speed is 1345.5 m/s. (This is a low (18) 
Results
Fig. 4 Experimental results and curve fitting of (a) phase angle (b) the imaginary part of wave number compression wave speed for soft biological tissue as compared to 1483 m/s assuming that tissue bulk modulus is close to that of water. Compared to the compression wave speed differences between the lung parenchyma and other soft biological tissues, the relative differences between 1345.5 and 1483 m/s are an order of magnitude less with regard to the salient properties that will affect the acoustic simulations reported in this study. Test simulations carried out using 1345 and 1500 m/s for the soft tissue of the chest wall yielded negligible differences; 1345.5 m/s was used in this study.) The measured imaginary part of the compression wave number is shown in Fig. 4b . Using these measurements and Eq. (2a) and (2b), the frequencydependent complex-valued compression wave speeds are obtained and input into COMSOL together with complexvalued shear wave speeds as material properties of the soft tissue in the chest.
The acceleration amplitude of the normal and PTX states at point #C on the chest surface (see Fig. 1b for point location) is shown in Fig. 5a , c. Experimental results for all five pigs and simulation results are shown. The experimental acceleration was calculated from the velocity (measured by LDV). The experimental data are only plotted at frequencies where the coherence (between measured input acoustic pressure and chest velocity) exceeded 0.85. There were very few frequencies that did not meet this cutoff. It can be seen in the figure that the variability in the measured values is In Fig. 6a experimental results of the normal state and PTX state are compared at a specific measurement point #C. It can be seen that the acceleration amplitudes of the PTX state are consistently lower than those of the normal state for most frequencies in the range from 250 to 700 Hz. For frequencies from 50 to 250 Hz, the amplitude differences between the normal and PTX state appear smaller. The maximum change of amplitude between the normal and PTX states is about 20 dB. The average reduction over the frequency range of 250 to 700 Hz for the five pig subjects is 9.92 dB with a standard deviation of 1.88 dB. Figure 6c shows the average energy for the normal and PTX state of experimental results of the five pig subjects and the results of the simulation. It can be seen that in the frequency range under consideration, the average transmitted energy in the normal state is higher than that in the PTX state for every subject. Comparison at other points also showed a drop in torso surface acceleration amplitude and average energy for the PTX state.
In Fig. 7a , b, simulation results of the normal state and PTX state are compared at the surface measured point #C. The results at other points are similar. Simulation results match experimental trends in that the acceleration amplitudes of the PTX state are lower than those of the normal state in the frequency range from 250 to 700 Hz. The average reduction predicted by the simulation over the frequency range from 250 to 700 Hz for the presented points is 9.05 dB with a standard deviation of 3.16 dB (Fig. 6c) . The drop in the acceleration amplitude with PTX is close to the experimental result of 9.92 dB.
The cross-sectional image of torso displacement in the left-to-right direction and air acoustic pressure at a frequency of 600 Hz are shown in Fig. 8a, b for the normal and PTX states of the right lung. This frequency was chosen since it resulted in sufficiently short wavelengths that are completely observable in the cross-sectional image. The unit Pa for the acoustic pressure is applicable to the air inside and outside the lungs. Patterns of compression waves emanating from the airways and propagating into the chest are evident and are shown as red and blue (indicating positive and negative displacement) bands. These patterns are changed in the collapsed lung side due to change in lung acoustic properties and the acoustic impedance mismatch between the lung and the air in the chest. Simulation images like those shown in Fig. 8 helps in understanding displacement images obtained from elastography imaging modalities. 
Discussion
The experimental technique (described in the Sect. 2) is similar to methods presented and applied to cats and dogs in previous studies [11, 30] . In Mansy et al. [30] , an electronic stethoscope was used to measure the transmitted acoustic waves on the chest skin surface. Instead, a LDV was used for measurements in the current study. As the electronic stethoscope is attached to the skin surface, it may alter the dynamics of the system. A benefit of using a non-contacting LDV is that it does not alter the system it is measuring.
One objective of the present study is to investigate whether the technique of airway insonification can be successfully implemented on relatively large animals like a pig as studies on animals with pulmonary injuries or diseases can be carried out more easily than on human subjects. Another objective of the study is to develop a computational model of sound transmission in the pig chest.
To the best knowledge of the authors, the material properties of bone are close to those of human within the frequency range of interest [7, 26] . So, the complex young's modulus and shear modulus of material properties of human bone were used in the simulation. As we are mainly interested in the wave motion in the lung parenchyma (solid part of the lung), not the air motion in the subglottal airway tree and alveolar sacs, it suffices to input the complex-valued lung compression wave and shear wave speed derived from the Biot model and applies these parameters to the lung region defined as a viscoelastic solid.
Pig CT scans were used to build realistic 3D geometries for FE simulation. The results of simulation and experiments on five pig subjects in the normal and PTX states are compared in Fig. 5 . In Fig. 5b, d the mean of experimental results of five pigs for both states and the simulation prediction are plotted together for further comparison. Simulation results capture the main trends seen in the experiments. Inter-subject variability is seen in Fig. 5a , c for normal and PTX state, respectively. In Fig. 5d the computational results were higher than the mean of the experimental data between 100 and 300 Hz. However, by examining Fig. 5c , we can see that the computational results are within the range of experimental data. The experimental data had variability due to subject variability [30] . Even with these simplifications, several experimental trends could be predicted using the computational model. A shift of peaks and dips can be observed especially in Fig. 5b, d . This may be because of slight differences in size between the simulation model and the five experimental subjects. Chest surface accelerations from model predictions are higher than the experimental results at most of the frequencies of interest. A possible reason is underestimation of the tissue damping in the simulation. This is more obvious in the frequency range from 50 to 200 Hz for the PTX state comparison (Fig. 5b ).
In the current experimental studies, measurements were taken on a limited portion of the chest surface due to the time it took for the LDV to measure each point consecutively. In future studies, a sensor pad that covers most or all of the chest surface and measures all the points simultaneously or an entire chest measurement by scanning laser Doppler vibrometer could provide more comprehensive experimental information [27] . In the current study, the porcine subjects were euthanized before the experiment. Thus, the effect of lung volume change during the respiration cycle was not considered. For human subject studies, participants could be requested to hold their breath for a short time to avoid lung volume change. Figure 6a , c suggests that the PTX results in lower amplitude of transmitted sound in the frequency range from 250 to 700 Hz. Similar findings were reported in previous studies on canine subjects [30] . Transmitted sound amplitude decreases with a PTX, likely due to the acoustic impedance mismatch at the boundaries of the air in the chest and collapsed lung [29, 30] . This can be seen more clearly in Fig. 6c where the average transmitted energy over all frequencies in the experiment for the PTX state was lower in all pig subjects. In Fig. 7 , simulation predictions of PTX were found to be similar to experimental measurements presented in Fig. 6a . Chest surface acceleration for the PTX condition is slightly higher than that in normal case between 50 and 200 Hz. It is speculated that there may be a resonance response 
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in this frequency range. The observed decrease in the transmitted acoustic energy with increasing frequency is consistent with the results of the experiment. For both simulation and experiment, the acceleration amplitudes decrease by about 2-20 dB in the 250-to 700-Hz frequency range. Simulation also suggests that that acceleration amplitude drop may continue above the frequencies in the current study. The maximum frequency in the current experimental study was limited to 700 Hz to maintain a sufficiently high SNR.
As shown in the current study, detecting PTX was achieved by measuring transmitted sound on the chest surface. In Fig. 8 the model was used to predict torso displacement caused by transmitted sound. Visualization of wave motion inside the torso measured by an elastographic imaging technique may also help interpret tissue viscoelasticity based on wavelength estimates. An accurate computer simulation of sound transmission through the chest and lungs under normal and pathologic conditions may help to enhance our understanding of auscultation results and our ability to use the sounds for diagnosis. The in silico model developed here may also prove useful in the development of a more effective educational platform for acoustic-based diagnostic methods.
Conclusion
A computational model was developed for simulating acoustic transmission from airways to the chest surface in a pig. The computer model was validated by experimental measurements on five porcine subjects before and after pneumothorax induction. Simulation and experimental findings suggest that certain characteristics of acoustic transmission patterns may be useful in detecting pulmonary abnormalities such as PTX. Model predictions were found to be consistent with experimental measurements and the literature. The developed computational models can also predict wave propagation inside internal organs which may be of use in assessing the performance of other acoustic diagnostic approaches. 
